Assessing multiscale complexity of short heart rate variability series through a model-based linear approach Chaos: An Interdisciplinary Journal of Nonlinear Science 27, 093901 (2017) In this work, we investigate the influence of cardiac tissue deformation on re-entrant wave dynamics. We have developed a 3D strongly coupled electro-mechanical Bidomain model posed on an ideal monoventricular geometry, including fiber direction anisotropy and stretch-activated currents (SACs). The cardiac mechanical deformation influences the bioelectrical activity with two main mechanical feedback: (a) the geometric feedback (GEF) due to the presence of the deformation gradient in the diffusion coefficients and in a convective term depending on the deformation rate and (b) the mechano-electric feedback (MEF) due to SACs. Here, we investigate the relative contribution of these two factors with respect to scroll wave stability. Ventricular fibrillation is a life-threatening cardiac arrhythmia consisting of a turbulent and disorganized electrical activity of the heart, due to the breakup of reentrant excitation sources called scroll waves. Understanding the mechanisms which lead to the onset of ventricular fibrillation is one of the most important issues in electrocardiology. In the last two decades, several simulations studies have addressed this issue, showing that one of the possible causes of scroll waves breakup and fibrillation is a steep action potential duration (APD) restitution curve. Recent works based on cardiac electro-mechanical simulations have investigated the role of mechano-electric feedback (MEF) induced by stretch activated currents (SAC) in determining and maintaining ventricular fibrillation. The aim of the present paper is to study the influence of mechanical deformation on the generation and stability of cardiac scroll waves by means of three-dimensional Bidomain electro-mechanical simulations. Our electromechanical coupling model takes into account the two main mechanical feedback on the bioelectrical activity: the geometric feedback (GEF) due to the presence of the deformation gradient in the diffusion coefficients and in a convective term depending on the deformation rate, and the mechano-electric feedback (MEF) due to the presence of stretch-activated currents through the myocyte membrane. Our simulations results show that the stability of cardiac scroll waves is influenced by MEF, which in some cases might be responsible for their breakup, leading to the onset of ventricular fibrillation.
In this work, we investigate the influence of cardiac tissue deformation on re-entrant wave dynamics. We have developed a 3D strongly coupled electro-mechanical Bidomain model posed on an ideal monoventricular geometry, including fiber direction anisotropy and stretch-activated currents (SACs). The cardiac mechanical deformation influences the bioelectrical activity with two main mechanical feedback: (a) the geometric feedback (GEF) due to the presence of the deformation gradient in the diffusion coefficients and in a convective term depending on the deformation rate and (b) the mechano-electric feedback (MEF) due to SACs. Here, we investigate the relative contribution of these two factors with respect to scroll wave stability. We extend the previous works [ Ventricular fibrillation is a life-threatening cardiac arrhythmia consisting of a turbulent and disorganized electrical activity of the heart, due to the breakup of reentrant excitation sources called scroll waves. Understanding the mechanisms which lead to the onset of ventricular fibrillation is one of the most important issues in electrocardiology. In the last two decades, several simulations studies have addressed this issue, showing that one of the possible causes of scroll waves breakup and fibrillation is a steep action potential duration (APD) restitution curve. Recent works based on cardiac electro-mechanical simulations have investigated the role of mechano-electric feedback (MEF) induced by stretch activated currents (SAC) in determining and maintaining ventricular fibrillation. The aim of the present paper is to study the influence of mechanical deformation on the generation and stability of cardiac scroll waves by means of three-dimensional Bidomain electro-mechanical simulations. Our electromechanical coupling model takes into account the two main mechanical feedback on the bioelectrical activity: the geometric feedback (GEF) due to the presence of the deformation gradient in the diffusion coefficients and in a convective term depending on the deformation rate, and the mechano-electric feedback (MEF) due to the presence of stretch-activated currents through the myocyte membrane. Our simulations results show that the stability of cardiac scroll waves is influenced by MEF, which in some cases might be responsible for their breakup, leading to the onset of ventricular fibrillation.
I. INTRODUCTION
Abnormal electrical activity of the heart may result in dangerous cardiac arrhythmias, such as ventricular tachycardia. In some patients, ventricular tachycardia leads to ventricular fibrillation, a situation where ventricles twitch randomly instead of contracting in a co-ordinated way and that is the most common cause of death in the industrialized countries. Both clinical and experimental studies have shown that ventricular fibrillation consists of a turbulent and disorganized electrical activity of the heart, due to the breakup of reentrant excitation sources called scroll waves, see e.g., Refs. 20, 31, and 47. The mechanisms underlying the onset of ventricular fibrillation are of great interest and still a matter of debate in the cardiology community. Previous simulation studies have investigated the multiple mechanisms of spiral and scroll wave breakup, see, e.g., Refs. 6, 16, 17, 56, 57, 65, 71, and 76 showing, in particular, that steep action potential duration (APD) restitution curves play a role in determining scroll waves breakup.
The aim of the current study is to investigate the influence of myocardial deformation on the maintenance of ventricular tachycardia induced by premature beats, and on its degeneration to ventricular fibrillation. Cardiac mechanical deformation influences the bioelectrical activity with two main mechanical feedback: (a) the geometric feedback (GEF) due to the presence of the deformation gradient in the diffusion coefficients and in a convective term depending on the deformation rate, and (b) the mechano-electric feedback (MEF) due to the presence of stretch-activated channels in the myocyte membrane.
Computer modeling represents today a very useful tool for investigating the effect of mechanical contraction on the Electronic mail: simone.scacchi@unimi.it cardiac bioelectrical activity, since the recording of simultaneous electrical and mechanical experimental data with high spatial and temporal resolution is not yet available. Currently, most techniques of optical transmembrane potential mapping use electro-mechanical uncoupling agents to abolish heart motion; see Ref. 27 for a review. Recent studies 43, 59, 62, 73 have used motion tracking techniques to map the regional deformation of a contracting heart. These techniques hold promise for recording the transmembrane optical mapping in beating heart preparations, thus enabling the experimental study of electromechanical coupling. Alternatively, in order to predict the optical action potential recorded from the beating myocardial surface, the forward problem could be solved by combining realistic electro-mechanical models with a photon-diffusion model (taking into account the transport and scattering during the process of illumination and emission); these techniques have been developed in the past using only electrophysiological bidomain models (without mechanics) in the Refs. 4, 5, and 25.
In recent years, several cardiac electro-mechanical models have been developed in order to describe the coupling between the bioelectrical activity and the mechanical deformation of the cardiac tissue, see, e.g., Refs. 2, 12, 13, 15, 18, 19, 23, 24, 37, 42, 48, 52, 60, 68 , and 75. In particular, initial studies on the effect of mechano-electric feedback via stretch-activated current on cardiac bioelectrical activity and ventricular reentrant wave induction and stability can be found in Refs. 1, 26, 29, 33, 35, 44, and 70. In our previous works, [9] [10] [11] we have developed a threedimensional strongly coupled electro-mechanical model consisting of four sub-models. The first two, describing the electrical and mechanical properties of the cardiac tissue at macroscopic level, are the Bidomain model, see, e.g., Ref.
8, posed in a deformable tissue domain with transversely isotropic conductivity; the quasi-static finite elasticity equations, based on a transversely isotropic strain energy function derived from that proposed in Ref. 14. The other two describe the electrical and mechanical interactions at the microscopic level of the myocyte and are the ten Tusscher 63, 64 ionic membrane model for human ventricular myocytes; the mechanistic active tension model proposed in Ref. 41 .
In this work, we investigate the relative contribution of the geometrical mechano-electric feedback and the stretchactivated currents to scroll wave stability. We extend the findings of two early studies by Keldermann et al. 35 and Hu et al. 29 that were based on the simpler Monodomain model or a simple non-selective linear stretch-activated current, while here we consider the full Bidomain model and we incorporate two different stretch-activated currents, i.e., the non-selective and the potassium selective components varying the degree of their expression.
II. METHODS

A. The cardiac electro-mechanical coupling model
We start with a brief description of the four mechanical and bioelectrical components of our strongly coupled electromechanical model.
Mechanical model of cardiac tissue
We denote by X ¼ (X 1 , X 2 , X 3 )
T the material coordinates of the undeformed cardiac domainX, by x ¼ x(X, t) the spatial coordinates of the deformed cardiac domain X(t) at time t, by FðX; tÞ ¼ @x @X the deformation gradient and by uðX; tÞ ¼ x À X the displacement field.
Assuming a quasi-steady state regime, the cardiac tissue is modeled as a non-linear hyperelastic material satisfying the force equilibrium equation
with appropriate boundary conditions described below. Because the active stress approach is assumed, the second Piola-Kirchhoff stress tensor S is given by the sum of passive (pas), volumetric (vol), and active (act) components, i.e.,
The passive and volumetric components are defined as
where E ¼ 1 2 C À IÞ ð is the Green-Lagrange strain tensor and W pas is an exponential strain energy function modeling the myocardium as a transversely isotropic hyperelastic material (derived from the orthotropic law proposed in Refs. 14 and 28), 2 is a volume change penalization term added in order to model the myocardium as nearly incompressible, with K a positive bulk modulus and J ¼ detF.
Mechanical model of active tension
The contraction of ventricles results from the active tension generated by the model of myofilaments dynamics activated by calcium. We assume that the generated active force acts only along the fiber direction; hence, the active Cauchy stress is r act ðx; tÞ ¼ T a a l ðxÞ a l ðxÞ;
where a l is a unit vector parallel to the local fiber direction and T a is the active fiber stress related to the deformed domain. The unit vector parallel to the local fiber in the deformed configuration can be written as
whereâ l is the fiber direction in the reference configuration.
In terms of the principal axes of the reference configuration, we obtain
Then, the second Piola-Kirchhoff active stress component is given by
The biochemically generated active tension 
Bioelectrical model of cardiac tissue: The Bidomain model
In Ref. 10 , we have shown how, starting from the charge conservation law on the deformed configuration, imposing the quasi-static regime and disregarding ionic diffusion with respect to drift currents, the Bidomain model, usually written on a fixed domain, can be extended to a moving domain. We denote by v, u e , w, and c the transmembrane potential, the extracellular potential, the gating and ionic concentrations variables on the deformed configuration and byv;û e ;ŵ;ĉ the same quantities on the reference configuration. Then, the parabolic-elliptic formulation of the Bidomain model written on the deformed configuration X(t) is given by
where c m and i ion are the membrane capacitance and ionic current per unit volume, respectively, and in order to satisfy the compatibility condition
In the Lagrangian framework, after the pull-back on the reference configurationX Â ð0; TÞ, this system becomes
where V ¼ @u @t is the rate of deformation; see Ref. 10 for the detailed derivation. These two partial differential equations (PDEs) are coupled through the reaction term i ion with the ordinary differential equation (ODE) system of the membrane model, given in X(t) Â (0, T) by
The bioelectrical system [ (5) and (6)] is completed by prescribing initial conditions onv; w; c, insulating boundary conditions onû e ;û i ¼v þû e , and the intra-and extracellular applied currentî app ¼î i app ¼ Àî e app . We recall that the extracellular potentialû e is defined up to a time dependent constant in space R(t) determined by the choice of the reference potential. In this paper, we consider as a reference potential the average of the extracellular potential over the cardiac volume, i.e., we impose ÐXû e ðX; tÞJðX; tÞdX ¼ 0. Assuming transversely isotropic properties of the intra-and extracellular media, the conductivity tensors on the deformed configuration are given by
where r i;e l ; r i;e t are the conductivity coefficients of the intraand extracellular media measured along the fiber direction a l and any cross fiber direction, respectively. From (3), it follows that the tensors D i,e (x, t) written on the reference configuration arê
Therefore, the equivalent conductivity tensors appearing into the bidomain model written in the reference configuration are given by
4. Ionic membrane model and stretch-activated channel current
The ionic current in the Bidomain model (5) is given by i ion ¼ vI ion , where v is the membrane surface to volume ratio and the ionic current per unit area of the membrane surface I ion is given by the sum I ion ðv; w; c; kÞ ¼ I m ion ðv; w; cÞ þ I sac of the ionic term I m ion ðv; w; cÞ given by the ten Tusscher model (TP06), 63, 64 available from the cellML depository (models.cellml.org/cellml), and a stretch-activated current I sac . The TP06 ionic model also specifies the functions R w (v, w) and R c (v, w, c) in the ODE system (6), consisting of 17 ordinary differential equations modeling the main ionic currents dynamics.
Experimental investigation and modeling of stretch activated currents (SAC) are presented in Refs. 26, 30, 34, 39, 40, 45, 50, 70, 72 , and 74, see also Refs. 38 and 55. Experimental data support an almost linear dependence of stretch-activated currents on the fiber stretch when k ! 1. These works have shown that the effects of stretch on transmembrane potential depends on stretch timing and magnitude, and on the reversal potential of the two main components of the stretch-activated current
i.e., the non-selective component I ns and the potassium selective component I Ko . In particular, during the resting phase, I Ko , with a reversal potential lower than the resting one, tends to hyperpolarize the cell, whereas I ns , with a reversal potential higher than the resting one, depolarizes the cell. During the action potential, I Ko continues to produce a hyperpolarizing effect, facilitating repolarization, while I ns has a hyperpolarizing effect only when the transmembrane potential is higher than its reversal potential. Therefore, I ns shortens APD during early repolarization, but may induce APD prolongation or even after-depolarization events during late repolarization.
In this work, we adopt the model of I sac ¼ I ns þ I Ko proposed in Ref. 50 where the non-selective current is defined by
with c sl ðkÞ ¼ 10maxðk À 1; 0Þ; g ns ¼ 4:13 Â 10 À3 mS=cm 2 and the value of r measures the relative conductance of Na þ with respect to K þ . The current relation can be rewritten as
The value of r, as well as measuring the relative conductance of the ions Na þ and K þ , determines the reversal potential v ns of I ns varying the degree of expression of the ions Na
where g Ko ¼ 1:2Â10 À2 mS=cm 2 and c SL;Ko ¼ 3maxðkÀ1;0Þ þ0:7.
In the simulations presented in Sec. III, we consider two different types of I ns :
• with a reversal potential v ns ¼ -60 mV, corresponding to r ¼ 0.2, which represents a higher degree of expression of K þ I sac , resulting in APD shortening depending on its timing and amplitude;
• with a reversal potential v ns ¼ -10 mV, corresponding to r ¼ 1, which represents a higher degree of expression of Na þ I sac , resulting in APD prolongation depending on its timing and amplitude.
Indeed, for r ¼ 1, the value of conductance is double and since the reversal potential for I ns is v ns ¼ -10 mV, this corresponds to a prevailing role of Na þ in the non-selective current, which in the systolic phase yields a repolarizing current resulting in APD prolongation of the myocyte. For r ¼ 0.2, the value of conductance is reduced by one fifth and since the reversal potential for I ns is v ns ¼ -60 mV, this yields a higher degree of expression of K þ in the non-selective current I ns , which in the systolic phase generates a depolarizing current inducing an APD shortening of the myocyte.
The total I sac current exhibits an almost linear dependence on the transmembrane potential v as shown in Fig. 1  (panel A-left and panel B-left) . The cardiac domainX ¼ Xð0Þ is the image of a Cartesian periodic slab using ellipsoidal coordinates, yielding a truncated ellipsoid modeling a left ventricular geometry, described by the parametric equations
where
We will refer to the inner surface of the truncated ellipsoid (r ¼ 0) as endocardium and to the outer surface (r ¼ 1) as epicardium. The fibers rotate intramurally linearly with the depth for a total amount of 120 proceeding counterclockwise from epicardium to endocardium. More precisely, in a local ellipsoidal reference system ðe / ; e h ; e r Þ, the fiber direction a l ðxÞ at a point x is given by a l ðxÞ ¼ b l ðxÞ cos ðbÞ þ nðxÞ cos ðbÞ, where
where n(x) is the unit outward normal to the ellipsoidal surface at x and b is the imbrication angle calibrated as in Ref.
7 given by b ¼ arctanðcos a tan cÞ, with c ¼ hð1 À rÞ60=p.
Space discretization
We discretize the cardiac domain with a hexahedral struc-
elements, yielding about 3.63 Â 10 6 nodes, while the mechanical mesh consists of 48 Â 24 Â 6 elements, yielding about 8400 nodes.
Time discretization
The time discretization of the electromechanical model is performed by the following semi-implicit splitting method, where the electrical and mechanical time steps could be different. At each time step, with an operator splitting method, consisting of decoupling the parabolic from the elliptic equation.
We remark that, in order to avoid numerical instabilities, in point (b), the finite elasticity equations and the active tension model are solved in a coupled way using the update method proposed in Refs. 51 and 52, i.e., the variables of the active tension model are updated at each Newton iteration together with the solution of the mechanical deformation.
In our simulations, the electrical time step size is D e t ¼ 0.05 ms, while the mechanical times step is D m t ¼ 0.25 ms. We remark that to approximate the convective term in the variational formulation of (5), an upwind computation of the nodal gradient of v n is derived, projected onto the deformation 
Computational kernels and parallel solvers
Due to the employed space and time discretization strategies, at each time step, the main computational kernels are (i) solving the non-linear system deriving from the discretization of the mechanical problem (1) 
Initial and boundary conditions
The initial conditions for the electrical model are at resting values for all the potentials and gating variables of the ten Tusscher model, while the boundary conditions for the Bidomain model are for insulated tissue. For what concerns the mechanical boundary conditions, in order to prevent rigid body motion, we considered both setting to zero the displacement at the basal surface similarly to previous studies, 23, 36 and the weaker condition setting to zero the displacement only at the circumferential basal line meeting the endocardial surface, while setting to zero only the third displacement component on the rest of the basal surface. In this work, we report only the results obtained with this weaker basal boundary condition. Moreover, on the endocardial surface, we impose as in Ref. 35 Neumann boundary conditions given by a constant intracavitary blood pressure amounting to 2 kPa, and we assume that the rest of domain is not subject to any external loading, i.e., homogeneous Neumann boundary conditions are prescribed elsewhere. 
Geometric (GEF) and mechano-electric (MEF) feedback
We remark that the influence of the cardiac tissue deformation on the Bidomain model (5) is due to three different mechano-electric influences:
the presence of the deformation gradient F in the conductivity coefficients structure, i.e., J F
À1D
i;e F ÀT , introducing a strain-induced tissue conductivity;
(ii) the presence of the deformation gradient F and the deformation rate V in the convective term F ÀT Gradv ÁV; (iii) the presence of the stretch k in the ionic membrane current i ion ðv;ŵ;ĉ; kÞ due to the stretch-activated current I sac , also known as mechano-electric feedback.
In the following, we will refer to (i) and (ii) as geometric feedback (GEF) and to (iii) as mechano-electric feedback (MEF) .   FIG. 4 . Simulation SE2: slope 1.8, GEF, MEF, v ns ¼ -10 mV. Same format as in Fig. 2 .
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We first paced our cardiac electromechanical model with four apical stimulations at a basic cycle length (CBL) of 350 ms, yielding excitation wavefronts propagating from the apex to the base of the idealized left ventricle.
At 280 ms after the fourth S1 stimulus is delivered, we apply a premature S2 cross-gradient stimulation current from the base to the apex and across the wall thickness, covering about a third of ventricular volume, to induce a ventricular reentry consisting of a pair of counter-rotating scroll waves. We run the simulation for 2000 ms after the S2 delivery, in the following five settings:
• SE1: slope 1.8, GEF, noMEF. Membrane parameters set according to calibration slope 1.8, both geometric feedback (i) and (ii) are included, and stretch-activated currents are neglected;
FIG. 5. Simulation SE3: slope 1.8, GEF, MEF, v ns ¼ -60 mV. Same format as in Fig. 2 .
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• SE2: slope 1.8, GEF, MEF, v ns 5 -10 mV. Membrane parameters set according to calibration slope 1.8, both geometric feedback (i) and (ii) are included, and stretchactivated currents are included with v ns ¼ -10 mV; • SE3: slope 1.8, GEF, MEF, v ns 5 -60 mV. Membrane parameters set according to calibration slope 1.8, both geometric feedback (i) and (ii) are included, and stretchactivated currents are included with v ns ¼ -60 mV; • SE4: slope 1.1, GEF, MEF, v ns 5 -10 mV. Membrane parameters set according to calibration slope 1.1, both geometric feedback (i) and (ii) are included, and stretchactivated currents are included with v ns ¼ -10 mV; • SE5: slope 1.1, GEF, MEF, v ns 5 -60 mV. Membrane parameters set according to calibration slope 1.1, both geometric feedback (i) and (ii) are included, and stretchactivated currents are included with v ns ¼ -60 mV.
III. RESULTS
In order to elucidate the influence of GEF and MEF on the stability of starting scroll waves with two filaments, in Figs. 2, 4, 5, 7, and 8, we report, for each of the previous five simulation settings SE1-5, the snapshots taken every 200 ms of the transmembrane potential distribution on the deforming ventricle and the waveforms at selected epicardial points of the transmembrane potential v, extracellular potential u e , fiber strain (k 2 -1)/2, and intracavitary volume.
A. SE1: Slope 1.8, GEF, noMEF
We first consider the arrhythmogenic substrate related to the TP06 model with maximum APD restitution slope 1.8, neglecting the presence of I sac . The two scroll waves generated by the S2 stimulus continue to rotate without breaking, leading to a stable ventricular tachycardia pattern. Indeed, all the waveforms displayed in Fig. 2 exhibit a very regular periodic behavior, with a fast beating rate. During the 2000 ms interval considered, the transmembrane potential waveforms display 10 complete action potentials and the beginning of an 11th one. We have run this simulation also for an extended time interval of 9000 ms and observed the same regular dynamics (see Fig. 3 ). We have computed the APD of the first two beats elicited after the initiation of reentry, from 27 epicardial sites located in the half of the idealized ventricle where the S2 stimulation is delivered. The average APD of the first beat amounts to 110 ms (min ¼ 38 ms, max ¼ 153 ms), with a dispersion (¼ max À min) of 115 ms. The values computed from the second beat are analogous. In this setting, we keep all the parameters as in the previous SE1 setting, but we introduce the I sac current with v ns ¼ -10 mV, yielding a high I sac reversal potential of about -20 mV. The transmembrane potential snapshots on the deforming ventricle reported in Fig. 4 show that the two scroll waves generated by the S2 stimulus, as in the SE1 simulation, rotate regularly without breaking, leading to ventricular tachycardia. All the waveforms displayed in Fig. 4 exhibit the same periodic behavior of the SE1 case. As in the previous simulation, we have computed the APD of the first two beats elicited after the initiation of reentry. The average APD of the first beat is 123 ms (min ¼ 61 ms, max ¼ 172 ms), FIG. 6 . Simulation SE3 over 4000 ms: slope 1.8, GEF, MEF, v ns ¼ -60 mV. Top: distribution of the transmembrane potential v, stretch k, and stretch-activated current I sac at the time instant indicated by the green bar in the waveforms below. Bottom: waveforms of v, k, and I sac at the two epicardial points indicated by the two red dots in the top left v distribution plot.
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C. SE3: Slope 1.8, GEF, MEF, v ns 5 -60 mV
In this test, we change the I sac current by setting the parameter v ns ¼ -60 mV, yielding a low I sac reversal potential of about -60 mV. After the first rotation, the two scroll waves break up into several smaller scroll waves and generate irregular transmembrane potential distributions characterized by high electrical turbulence, often associated with ventricular fibrillation, as shown in the snapshots of Fig. 5 . This turbulence is confirmed by the irregular time evolution of the transmembrane and extracellular potential waveforms, as well as the fiber strain. The LV volume still show some oscillations but of reduced amplitude. Thus, the combined role of arrhythmogenic substrate and low I sac reversal potential seems to induce deterioration of the stability of scroll waves, promoting the onset of ventricular fibrillation. Differently from simulations SE1 and SE2, the computation of APD from the first two beats in the 27 epicardial sites shows the presence of APD alternans. In fact, the average APD of the first beat is 56 ms (min ¼ 10 ms, max ¼ 160 ms), with a dispersion of 150 ms, while the average APD of the second beat is 143 ms (min ¼ 18 ms, max ¼ 218 ms), with a dispersion of 200 ms. This is further studied in Fig. 6 over a longer time interval of 4000 ms (800 time steps of 5 ms each). In the top row of this figure, we report the distribution of the transmembrane potential v, stretch k, stretch-activated current I sac at the time instant indicated by the green bar in the waveforms below, while in the bottom row we report the waveforms of v, k, I sac at the two epicardial points indicated by the two pink dots in the v distribution plot above. The reported FIG. 8. Simulation SE5: slope 1.1, GEF, MEF, v ns ¼ -60 mV. Same format as in Fig. 2 .
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D. SE4: Slope 1.1, GEF, MEF, v ns 5 -10 mV
We then reconsider the original stretch-activated current I sac with v ns ¼ -10 mV but in the slope 1.1 parameter calibration of the TP06 model. This calibration has been shown to be less arrhythmogenic than the slope 1.8 calibration, because the restitution curve is less steep; see Ref. 64 . As in simulation SE2, a I sac reversal potential of about -20 mV yields a stable ventricular tachycardiac pattern, with two scroll waves rotating with a regular rhythm, as shown in Fig. 7 . The period is slightly slower than in the SE2 setting, since the waveforms display 9 instead of 10 complete action potentials during the 2000 ms interval. In this final test, we keep all the parameters as in the SE4, except that we change the I sac current by setting the parameter v ns ¼ -60 mV, yielding a low I sac reversal potential of about -60 mV. The snapshots of Fig. 8 show that the two scroll waves generated by the S2 stimulus, after an initial stable periodic regime, around 800 ms break up as in the SE3 setting, leading to a ventricular fibrillation pattern. The dynamics appears less turbulent than in the SE3 setting with slope 1.8, but it is still quite irregular after 1000 ms, as shown by the waveforms displayed in Fig. 8 .
IV. DISCUSSION
We have investigated, by means of three-dimensional simulations based on a strongly coupled cardiac electromechanical coupling model, the influence of ventricular deformation on the maintenance of ventricular tachycardia and fibrillation. Previous simulations studies focusing on the effects of mechanical feedback on the generation and stability of cardiac arrhythmias have considered reduced electrical current flows model, such as the Monodomain equation, and simplified stretch-activated current models.
The main novelty of the present work is the extension of these previous pioneering studies in order to include in the electro-mechanical coupling model the following components: the Bidomain representation of the electrical current flow; a convective term in the Bidomain equations, that takes into account the effect of deformation rate; the stretch-activated current model developed by Niederer and Smith in Ref. 50 , which consists of both non-selective and potassium selective components and it was validated by fitting experimental data.
The results of our 3D Bidomain electro-mechanical simulations indicate that the stability of cardiac scroll waves induced by S1-S2 cross gradient stimulations is influenced by the mechano-electric feedback induced by the stretchactivated current I sac . In particular, lowering the I sac resting potential to v ns ¼ -60 mV yields scroll wave breakups that generate turbulent dynamics in the electrical and mechanical variables, in both the slope 1.1 (normal) and slope 1.8 (arrhythmogenic) calibrations of the TP06 membrane model. In the latter case, the computation of APD from several epicardial sites have shown that scroll wave breakup might be due to the presence of APD alternans and large APD spatial dispersion. We did not observe scroll wave breakup in either calibrations when I sac was not included or when the I sac resting potential was increased to v ns ¼ -10 mV. Without including the mechano-electric feedback, the only presence of geometric feedback increased the scroll wave meandering, but did not determine the scroll wave stability in our simulations.
The effects of mechano-electric feedback on the stability of cardiac scroll waves have been investigated in the previous simulations studies. 29, 35 Although our work and the simulation studies of Refs. 29 and 35 use the same membrane model TP06, we remark that there are some modeling differences in the components of the electromechanical model used in this work compared with those of Refs. 29 We start comparing our results with those obtained in Ref. 29 , based on the TP06 membrane model with APD restitution with a maximal slope 1.8. First, the influence of the stretch-activated current was studied in Ref. 29 by starting with a fibrillation state and investigating when the presence of the I sac current inhibits the already present scroll wave breakup. On the contrary, in our study, we start with a double stable scroll waves and we investigate when the presence of I sac generates multiple breakups. Furthermore, a non-selective SAC model, linear in k and v, was adopted, with conductance g s varying up to 0.07 mS/cm 2 . For large values of g s and SAC reversal potential of -60 mV, scroll waves breakup was observed, in agreement with our simulation SE3, where the two original scroll waves degenerate rapidly into a turbulent excitation dynamics. For large values of g s and SAC reversal potential of -10 mV, the results in Ref. 29 showed that multiple scroll waves breakup persists, whereas in our comparable simulation setting SE2, the two scroll waves do not break up, leading to a stable ventricular tachycardia.
We now compare our results with those obtained in Ref. 35 , based on an electro-mechanical monodomain model coupled to the TP06 membrane model with APD restitution with a maximal slope 1.1. A non-selective SAC linear in k and v was adopted, with reversal potential of -20 mV and conductance varying in a large range. Therefore, we can only compare these results with the results of our simulation SE4, where a similar reversal potential of %-19 mV is displayed by the linear approximation I s (v) ¼ g s c s (k)(v -v sac ) of our SAC model, but with a value of SAC conductance of about In order to avoid masking the effect of the heterogeneities provided by the distributions of the fiber stretch in the SAC current, we have disregarded the heterogeneity of the bioelectric activity of the myocyte across the ventricular wall and in the apex-to-base direction.
Future work should be devoted to investigate the role of orthotropic tissue anisotropy and of the application of a variable endocardial pressure, derived from a lumped model of the pressure-volume loop, instead of transversely isotropic tissue anisotropy and of a constant endocardial pressure.
It could be also interesting to investigate the influence of different boundary conditions for the mechanical model, as well as the presence of a Purkinje network as in Ref. 69 , which could affect the S1-S2 cross gradient protocol and subsequent reentry dynamics.
Finally, as observed in the Introduction, the recent use of optical transmembrane potential recordings combined with a tissue tracking techniques, see e.g., Refs. 43, 62, and 73, would allow the comparison between the optical recording map and the optical transmembrane potentials simulated by using electro-mechanical models. This could help to elucidate the mechanisms underlying mechano-electric feedback and related arrhythmias.
